Abstract-A full-wave equation that describes nonlinear propagation in a heterogeneous attenuating medium is solved numerically with finite differences in the time domain (FDTD). This numerical method is used to simulate propagation of a diagnostic ultrasound pulse through a measured representation of the human abdomen with heterogeneities in speed of sound, attenuation, density, and nonlinearity. Conventional delay-andsum beamforming is used to generate point spread functions (PSF) that display the effects of these heterogeneities. For the particular imaging configuration that is modeled, these PSFs reveal that the primary source of degradation in fundamental imaging is reverberation from near-field structures. Reverberation clutter in the harmonic PSF is 26 dB higher than the fundamental PSF. An artificial medium with uniform velocity but unchanged impedance characteristics indicates that for the fundamental PSF, the primary source of degradation is phase aberration. An ultrasound image is created in silico using the same physical and algorithmic process used in an ultrasound scanner: a series of pulses are transmitted through heterogeneous scattering tissue and the received echoes are used in a delay-and-sum beamforming algorithm to generate images. These beamformed images are compared with images obtained from convolution of the PSF with a scatterer field to demonstrate that a very large portion of the PSF must be used to accurately represent the clutter observed in conventional imaging.
I. Introduction T issue harmonic imaging is used extensively in clinical ultrasound exams because it has been shown to markedly improve image quality [1] [2] [3] . The most dramatic improvements are visible in abdominal [4] , pelvic [5] , and cardiac sonography [6] where improvements in lateral and axial resolution, contrast-to-noise ratio (cnr), clutter rejection, increased penetration, lesion visibility, and diagnostic confidence are reported. In abdominal scanning, harmonic imaging is reported to be better than conventional ultrasound in regard to lesion visibility and diagnostic confidence [2] , especially in patients with a high body mass index [4] .
although harmonic imaging is used extensively, the mechanisms for image quality improvement are still poorly understood in vivo. There are three major mechanisms of image quality improvement in harmonic imaging that have been proposed [1] [2] [3] , [7] [8] [9] . First, it has been hypothesized that harmonic imaging can circumvent reverberation clutter as a source of image degradation because it has low amplitude in the near field, where most of the reverberations occur [10] . There is, therefore, comparatively much less energy at the harmonic frequency that is trapped in the layers that can add acoustic noise to the received signals. second, in the simplified case of a homogeneous medium, the improvements in harmonic imaging can be linked to reductions in the main lobe width and the height of side lobes. This is seen both experimentally and in simulations [11] , [12] .
Third, it has been suggested that a benefit of harmonic imaging is that is less sensitive to beamforming errors from variations in acoustic velocity, or phase aberration [13] , [14] . For example, the speed of sound is approximately 1460 m/s in fat, whereas in muscle it is upwards of 1610 m/s [15] , [16] . When the acoustic velocity of tissue is inhomogeneous across the pulse wavefront, parts of it travel faster or slower, introducing aberrations in the ideally focused phase profile. an equivalent time delay in the aberration has a more significant effect on a higher frequency pulse because the phase aberration is larger. Therefore, the understanding is that because the transmission frequency is low compared with the receive frequency, the effect of phase aberration is diminished [11] . In addition to the phase errors, variations in attenuation can cause aberrations in the amplitude. It has been shown with theoretical and in vivo studies that the defocusing effect of the phase aberrations increases the width of the main lobe and raises the level of the side lobes, which reduces the resolution and contrast [17] [18] [19] [20] [21] [22] .
The analysis of these mechanisms in response to the human body requires complex simulations or experiments that incorporate the effects of tissue heterogeneities and scattering. This has imposed significant challenges in describing and quantifying the mechanisms of image quality improvement with harmonic imaging. Bradley describes a mathematical model based on the nonlinear acoustic propagation in the ocean to describe clutter. His model relies on several assumptions, including limiting heterogeneities to thin regions and accounting only for narrow-band signals [23] . Wallace et al. used porcine abdominal aberrators in 1-d experimental measurements to show that the harmonic field is less aberrated than the fundamental [7] . However a study that used a 3-d simulation method that approximates aberration with a series of distributed phase screens reached the conclusion that aberration affects the
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and Harmonic Ultrasound Imaging Using Nonlinear, Full-Wave Simulations harmonic signal to the same degree as the fundamental [24] , [9] . another simulation study used the KhokhlovZabolotskaya-Kuznetsov (KZK) equation in conjuction with data from the Visible Human project and reached similar conclusions [25] . These simulations use a one-way wave equation and thus cannot model multiple reflections and scattering. Ultrasonic propagation through fine-scale heterogeneities has been simulated previously with a finite-difference time-domain (FdTd) solution of the 2-d and 3-d linear wave equation [26] , [27] . This numerical implementation models the fine structure of human tissue and the arrangement of the tissue in the human body. The full-wave equation accounts for multiple reflections and scattering, but these current numerical implementations lack the ability to simulate nonlinear propagation and attenuation.
recently, we have developed a novel numerical solution [28] to a full-wave equation that, in addition to simulating the nonlinear propagation of waves, describes arbitrary frequency dependent attenuation and variations in density. The numerical simulation generates the full pressure waveforms at every point in the simulated field and therefore allows great flexibility in calculating ultrasound images and point spread functions (psFs). This means that the method is capable of modeling complex human anatomy and is capable of generating realistic fundamental and harmonic ultrasound images. The simulation method can include the combination of aberration, reverberation, and scattering effects. Using this numerical method, we investigate and quantify the losses in image quality for fundamental and harmonic imaging caused by various sources of image quality degradation.
II. Methods

A. Sources of Image Degradation
as an ultrasonic wave propagates through tissue, there are several potential sources of disruption that can cause image degradation. We hypothesize that these sources are the heterogeneous composition of the medium which • can distort the phase and amplitude of the wave (aberration), and a layered, heterogeneous medium that can generate • multiple reflections (reverberation).
The second bulleted item can be broken up into two sources of image degradation: multiply-reflected sound that returns to the transducer and is overlaid on top of sound returning from deeper ranges, and multiply-reflected sound that is transmitted beyond the layered media that contributes to a low-amplitude lengthening of the transmit pulse. These effects degrade the resolution and contrast of an ultrasonic scanner. phase and amplitude aberration have been studied extensively [29] [30] [31] , but often rely on simplified models of the complex heterogeneity of human tissue, such as a pure near-field phase screen or single or multiple layers of phase screens at distance. The agreed-upon result, however, is that the main lobe of the ultrasonic beam is broadened, and the side lobes are broadened and elevated [32] .
In addition to aberration, significant reflections can occur at interfaces with large impedance mismatches, such as fat and muscle [33] . Tissue with a layered structure, such as connective tissue, is an environment that is conducive to trapping acoustic energy from the propagating ultrasonic pulse with multiple reflections. as the captured energy bounces in between layers, a portion of it is transmitted through the tissue back to the ultrasonic transducer where it overlays acoustic noise onto its received signals. If the tissue layers are normal to the direction of wave propagation, the noise is visible in the ultrasonic image as bright bands that occur at integer multiples of the spatial period or thickness of the tissue layers. This is commonly observed in vascular imaging, in which the proximal wall of the carotid artery may produce visible bands in the lumen caused by multiple reflections of the transmit pulse in the arterial wall. If the layers are not normal to the direction of propagation, the resulting reverberation is an incoherent sum. This might occur, for example, in a patient with a high body-mass index in which there are multiple connective tissue layers within the fat of the patient. This type of reverberation clutter degrades the imaging system's psF homogeneously, as would be expected of a noise source that has an approximately uniform spatio-temporal distribution within the psF's characterstic extent.
reflections that are transmitted in the direction of pulse propagation instead of back toward the transducer face add a long, low-amplitude tail to the originally compact pulse. This effect, which we refer to as pulse lengthening, generates additional clutter and degrades the axial resolution.
B. Simulation Model
The nonlinear full-wave equation describes acoustic fields in a nonlinear thermoviscous medium [34] , [35] , and can be written as 
where ξ m satisfies the equation
This equation incorporates the effects of nonlinearity, attenuation, and all wave effects, such as multiple scattering, reflection, and refraction. The first two terms in (1) represent the linear wave equation, and the following three terms represent thermoviscous diffusivity, nonlinearity, and variations in density. The remaing term represents v relaxation mechanisms, where ξ m satisfies the equation
In these equations, p is the acoustic pressure, c 0 is the equilibrium speed of sound, ρ is the density, δ is the acoustic diffusivity, α is the absorption coefficient, and the coefficient β is related to the nonlinearity parameter, c / , where ω is the angular frequency. The material parameters c 0 , δ, ρ, and β can be functions of space. The relaxation equation (3) has v peaks at characteristic frequencies ω m with weight a m that depend on the particular frequency-dependent attenuation law being modeled.
This equation is solved using finite differences in the time domain and solutions have been extensively verified with water tank measurements of a commercial diagnostic ultrasound transducer, comparisons with a Field II [36] , [37] , and solutions of Burgers' equation. perfectly matched layers are used at the simulation boundaries to reduce reflections by approximately 80 dB [38] [39] [40] . Full details of the numerical methods and their verification can be found in pinton et al. [28] .
C. Simulations
To characterize the sources of image degradation, the numerical method described in section II-B is used to simulate the propagation of ultrasonic pulses from a diagnostic ultrasound transducer through a histologicallymeasured representation of the human abdomen [26] . The simulation method models wave propagation from a transducer that is similar to that used in commercial diagnostic ultrasound. The array has a center frequency of 2.1 MHz, a 60% bandwidth, and is focused laterally as an F/1.5 system with a 5 cm focus. The transducer was modeled as a linear transducer rather than the typical curved linear array to simplify beamforming and simulation aspects of the experiment, however it is entirely possible to model curved linear arrays using this numerical method. a parabolically focused profile was used for focusing the transmitted and received signals. conventional delay-and-sum beamforming is then used to generate fundamental and harmonic images of point targets and simulated tissues. The imaging medium is described with a resolution of 12.5 μm, and the received signals are sampled at a rate of 41.7 MHz.
The 2-d heterogeneous tissue model, developed by Mast et al. [26] , was used as a model of a human abdominal layer. The tissue model was obtained from a stained, histological sample of human abdominal wall [41] , [26] and the structures in the sample were assigned one of three tissue types: fat, muscle, or connective tissue (which includes skin). Each tissue type was given the acoustic properties appropriate for that tissue type. The acoustic properties are derived from the acoustic properties tables assembled by Goss et al. [42] , [43] , and are shown in Table I and include the attenuation, density, speed of sound, and nonlinearity. an image of this abdominal layer is shown in Fig. 1 with the color scale depicting the speed of sound of the tissues. This abdominal section is in an uncompressed state, which may differ from a clinical setting in which the ultrasonographer applies pressure to the probe to adjust the image quality.
To simulate a scattering ultrasonic medium, twelve point scatterers per resolution cell were overlaid on the tissue representation. The point scatterers have a 40 μm diameter with random spatial position and a uniform random amplitude (defined by its difference in speed of sound from the surrounding medium). The mean variation in the speed of sound of the scatterers was 77 m/s, which corresponds to a 5% variation of the accepted average tissue velocity of 1540 m/s.
Fundamental and harmonic images were generated much like a diagnostic scanner in linear imaging mode: with multiple ultrasonic transmissions that illuminate the target as the transducer sub-aperture is translated. The relevant information from the simulations is in the echoes returned to the transducer, and because the simulation method generates the full pressure field at all times, the pressure field must be sampled at the location of the transducer. This sampling is equivalent to the a/d conversion used in conventional diagnostic scanners, with the output of the sampling process being equivalent to the signals received by each individual element of the transducer. From this point, the sampled signals are then beamformed into image lines to produce the fundamental B-mode image. Harmonic images were generated by filtering the radiofrequency signals of the fundamental image with a bandpass filter centered about the second harmonic frequency. Unlike other simulations that use nonlinear propagation to create ultrasound images [44] , this simulation, in addition to including the effects of reverberation, aberration, and scattering, does not require any linear convolution assumptions of the psF.
Images of an anechoic lesion in liver tissue were generated by centering a circular (or cylindrical) homogenous tissue region with no scatterers and a diameter of 5 mm at 5 cm depth. Because the anatomical data sets of the abdomen are 2-d, the simulations were also performed in 2-d, even though the simulations tool is designed to also work in 3-d. The anechoic lesion was surrounded by tissue containing the acoustical properties of liver (Table I) and containing sub-resolution point scatterers to generate speckle. psFs were created by placing a 40-mm point target at 5 cm depth in a homogeneous medium with a speed of sound of 1540 m/s and no scatterers. a full 2-d scan of the imaging medium was then used to generate the psF. The point target was given a 25% difference in speed of sound with the surrounding homogenous tissue to generate appreciable reflection. The psF was simulated under various conditions, as described in section III.
The transmitted pulses used in these simulations have the form 
where p 0 is the pressure amplitude, d x is the lateral focus, d y is the elevation focus, and f is the impulse function:
Here the number of cycles, n, was set to 1.667 to approximate the 60% fractional bandwidth. The exponential decay constant, m, was set to 2.
III. results
A. Backscatter
To validate the scattering characteristics of this simulation method with rayleigh scattering theory, an ultrasonic pulse was transmitted through a field of homogeneous tissue containing randomly-distributed, random-amplitude scatterers as described in section II-c. Fig. 2 shows the normalized simulated intensity as a function of frequency from the received backscattered signal. as predicted by rayleigh scattering, the intensity has an f 4 dependence on frequency, as expected in the 1 to 8 MHz frequency range for scatterers of the size modeled [45] .
The simulated pressure field at time t = 32.5 μs, (when the pulse has reached the focus at 5 cm) is shown in Fig.  3 on a compressed scale to illustrate the small amplitude scattering. The psF of the system is visible at the focal point of the system, where the propagating pulse has converged to a point. The psF is described by the X-shaped region with the main lobe located at the center of the X. The arms of the X are particularly visible in this case because the transducer is unapodized. often times, the conventional description of an ultrasound system's psF is defined over a small lateral range centered about the main lobe. In the psFs described in the following section, the psF is described over a broad lateral region to illustrate the effects of reverberation and phase aberration on the psF. In this description of the psF, the isochronous area is the area bounded by the X shape to the left and right of the propagating pulse. physically, the isochronous area represents the area of the psF that has the same arrival time (within a certain delta).
B. Point Spread Functions
The psF from a homogeneous tissue region containing no scatterers was simulated as a control using the method described in section II-c. The fundamental and harmonic images of the magnitude of the psF are shown in Fig.  4 . The images of the psFs have three distinct regions of interest that are defined by the X-shape of the psF: the lateral regions within the isochronous area to the left and right of the X; the region above, that precedes the pulse temporally; and the region below, that trails it. note that the scales for the x-and y-axes are not geometrically proportional.
any degradation of the psF from phase aberration occurs only in the isochronous area, which is the spatial region from which an acoustic signal can be received if the beamformer is temporally gated to the duration of the transmitted pulse. degradation from reverberation clutter, by contrast, occurs both within and outside the isochronous volume. pulse lengthening can be observed primarily in the region trailing the isochronous area and to a lesser extent within the isochronous area. To illustrate the effects of reverberation clutter, pulse lengthening, and phase aberration, the psF of the imaging system was simulated under various conditions.
For the control psFs, the regions preceding and trailing the isochronous area do not contribute significant signal to the psF. as expected, there is a low-level contribution of signal within the isochronous area. The main lobe of the harmonic psF is also visibly narrower than the fundamental. note that the line centered at 0 cm laterally is a numerical artifact, as are the vertical lines in the isochronous area. The average values of these regions are shown for the fundamental and harmonic cases in Table II . Fig. 5 displays the changes to the fundamental and harmonic psFs when the abdominal layer is added to the simulation. This simulation includes all of the major effects that degrade the psF including aberration, reverberation, and scattering. These psF appear to have a speckle-like pattern overlaid on the psFs. The spatial frequency of the speckle pattern is lower for the fundamental psF than for the harmonic.
relative to the control psF, the fundamental psF with the abdominal layer suffers a substantial amount of degradation in all three regions, whereas the harmonic psF is degraded primarily in the isochronous volume, and to a lesser extent in the trailing region. The preceding region in the harmonic psF also shows degradation; however, it is significantly less than the fundamental psF.
a simulation identical to the psF simulation with the abdominal layer was performed; however, the point was removed to generate the imaging response caused only by reverberation clutter. This response is shown in Fig. 6 . These images represent the contribution to the psFs from reverberation clutter alone, because only the multiplyreflecting waves from the abdominal layer are received by the transducer.
The reverberation clutter in Fig. 6 can be linearly subtracted from the psFs in Fig. 5 to obtain psFs without the effects of reverberation clutter. subtracting this clutter yields the psFs shown in Fig. 7 . These psFs still include the effects of aberration and pulse lengthening, however the effect of removing reverberation clutter is markedly apparent. There is significant improvement in the preceding region of the fundamental psF because this area is only associated with reverberation clutter. Thus, the average value of the signal in this area is similar to the control psF. There is also a substantial reduction in the trailing region and a small improvement in the isochronous area because reverberation clutter is present in these regions as well. The reductions in clutter in the preceding, trailing, and isochronous areas are 52, 32, and 6 dB.
In the harmonic psF of Fig. 7 , the clutter in the preceding region is also removed, but because the original psF (Fig. 5) does not have a significant amount of clutter, the improvement is comparatively smaller. In the preceding, trailing, and isochronous areas, the improvements are 16, 0.1, and 1 dB, which is substantially less than the equivalent fundamental values.
To remove the effects of aberration and preserve reverberation clutter in the psF, the speed of sound in the abdominal layer was set to a uniform value corresponding to the mean (1537 m/s) and the tissue densities were ar- tificially altered to maintain the original impedance mismatch. This modification preserves the phase profile of the ultrasonic pulse while generating an equal amount of reverberation and reflections. all other tissue parameters and pulse properties were unchanged. This psF is referred to as the isovelocity psF.
Isovelocity psFs are shown in Fig. 8 . When compared with the psFs in Fig. 5 , the fundamental isovelocity psF does not appear largely different from the psF in Fig. 5 ; however, the harmonic isovelocity psF has significantly less clutter within the isochronous area than its counterpart in Fig. 5 . The isochronous area of the harmonic psF is more similar to that shown for the control psF in Fig.  4 . The fundamental isovelocity psF exhibits improvement of 4, 1, and 3 dB in the isochronous, preceding, and trailing regions, respectively, over the fundamental psF in Fig.  5 . The improvement over Fig. 5 in the harmonic psF is 11, 3, and 7 dB in the identical regions, respectively. Table II summarizes the average magnitude (in decibels) of the psF for the three regions for the four psF simulations (control, with the abdominal layer, with reverberation subtracted, and isovelocity).
C. Ultrasonic Imaging
To simulate a scattering ultrasonic medium, twelve point scatterers per resolution cell were overlaid on the tissue representation. The point scatterers have a 40 μm diameter and a random spatial and amplitude variation with a mean variation in the speed of sound of 77 m/s, which corresponds to a 5% variation of the accepted average tissue velocity of 1540 m/s. a circular anechoic region with a 5 mm diameter was placed at the focus to mimic a lesion. a second anechoic region of the same size was also placed at 2.5 cm (the transmit focus was kept at 5 cm).
To simulate an ultrasonic imaging system, a focused pulse was transmitted and allowed to propagate. The resulting reflections were measured and an optimal dynamic receive delay-and-sum beamforming algorithm was used to create a single a-line. The process was repeated by translating the transducer and forming a series of a-lines that are shown as fundamental (top) and harmonic (bottom) B-mode images in Fig. 9 . a 100% bandwidth band-pass filter was used to obtain the fundamental and harmonic components from the raw data. no point spread function assumptions were used to form the images.
The left-most images in Fig. 9 were formed with point scatterers but no abdominal layer. as shown in Table III , the cnr values for fundamental and harmonic images of the anechoic lesion at 5 cm are similar and differ by less than 0.07. The middle images in Fig. 9 were obtained by adding an abdominal layer to the scatterer field. consistent with the psFs in Figs. 4 and 5, the cnr is significantly worse, by about 0.22, for the fundamental than the harmonic. When the effects of phase aberration are removed but reverberation is preserved, the cnr is practically unchanged for the harmonic image, compared with the abdominal image. The cnr for the fundamental, on (Fig. 6 ) from the abdominal psF (Fig. 5) . the other hand, is in between the values for the homogeneous and abdominal cases, indicating that reverberation plays a significant role in image degradation. as shown in Table IV for the lesion at 2.5 cm, the harmonic cnr is worse than the fundamental in the homogeneous case. When the abdominal layer is included, the two are comparable, and in the isovelocity case, the harmonic image is significantly better.
To compare the beamformed images with those predicted by linear convolution theory, the fundamental psF was convolved with a scatterer field of randomly distributed amplitude and spatial location. all regions except the lesion were populated by scatterers. a finite choice for the convolution kernel size must be used in computations. Each ultrasonic image shown in Fig. 10 convolves the scatterer field with increasing kernel sizes for the psF, ranging from 3.7 × 1.8 mm to 14.8 × 7.2 mm. as the kernel size increases, the amount of clutter observed in the lesion also increases, but even with the largest psF kernel size, the clutter level does not approach that observed in the beamformed image. as shown in Table V , the contrast-to-noise ratio (cnr) varies from 2.20 to 2.00 from the smallest to largest kernel size, whereas in the fundamental beamformed image shown in Fig. 9 the cnr is 0.94. Fig. 11 illustrates the contribution to the psF of lowlevel clutter distributed over a large area by plotting the radial integral of the fundamental and harmonic psFs for their three regions. The most striking difference between the energy distributions in the psFs occurs in the preceding region, where there is an increase with radius for the fundamental but a decrease for the harmonic. The amount of signal coming from the isochronous area is large in both the fundamental and harmonic psFs, but it is comparatively more significant in the harmonic, where there is ap-761 pinton et al.: sources of image degradation in fundamental and harmonic imaging Fig. 9 . simulated fundamental (top) and harmonic (bottom) ultrasound images of 5-mm anechoic lesions at 2.5 and 5 cm using transmit-receive beamforming and a transmit focus at 5 cm. Images are for a homogeneous medium (left), an abdominal layer (middle), and an isovelocity material (right). proximately a 12 dB difference between it and the nearest curve. In the fundamental psF, none of the curves appear to appreciably decrease with radial distance, but in the harmonic psF, they all do. a 5-mm anechoic region was placed at 3 cm depth and the transmit focus was kept at 5 cm. The standard acoustic representation of the abdominal layer was placed between the transducer and the target, as before. The resulting psFs are shown in Fig. 12 . The fundamental psF (shown on the left) does not have a discernible peak, whereas the harmonic psF (shown on the right) has a visible peak. Both of these psFs appear to be significantly worse than the equivalent psFs calculated for a transmit and receive at 5 cm (shown in Fig. 5 ).
D. Statistical Significance
The statistical significance of the cnr was investigated by placing 4-mm-diameter circular lesions at a depth of 3 and 5 cm. The simulations were then performed on size different abdominal layers, each having a different set of underlying scatterers. The thickness of the abdominal layers varies from 2 to 3.5 cm. Table VI summarizes the results for the lesion at 3 cm and Table VII summarizes 
IV. discussion
A. Point Source Brightness
The psFs were obtained by beamforming the return echo from a point scatterer at the focus that has an arbitrarily assigned brightness. With a brighter target, the parts of the psF that are reflected from the focal point would have higher levels in the previously shown psF plots. In particular, the isochronous area and the trailing region would appear to be more significant than the reverberation clutter. We can therefore make absolute comparisons between fundamental and harmonic psFs or between the isochronous volume and the trailing region with confidence, but we avoid absolute comparisons with the reverberation clutter.
B. Sources of PSF Degradation
as mentioned previously, there are three distinct sources of psF degradation explored in this paper, two of which affect the ultrasonic pulse, and one which degrades the signal received by the transducer. First, as a pulse propagates through tissue, its phase aberrates from a focused profile. second, it is lengthened in the direction of propagation by multiple reflections. The effects of phase aberration are visible within the isochronous area and the effects of pulse lengthening can be observed in the isochronous area and the trailing region of the psF. Third, multiple reflections and reverberation of sound within the layers and structure in tissue also create a background of acoustic clutter that uniformly degrade the psF in all three regions. It is clear from the beamformed images in Fig. 9 that the lesion in the harmonic image has better boundary definition and more contrast, however the different sources of image degradation are integrated over the psF and cannot be determined just from the image. The plots of the psFs at the focus, in Fig. 5 , show that the harmonic psF is less sensitive away from the peak, especially in the preceding and following regions where the improvement is 27 dB and 10 dB, respectively.
C. Reverberation Clutter
The plots in Fig. 6 show that the amount of clutter caused by reverberation is 26 dB higher for the fundamental psF than for the harmonic, indicating that there is significantly more energy being reflected from near-field structures at the fundamental frequency. For short propagation distances, the energy in the pulse is primarily at the fundamental frequency. as the pulse travels through the tissue, there is an accumulation of harmonic energy from both the propagation distance and the increase in pressure from focusing. By the time a significant amount of harmonic signal has developed, the pulse has already propagated through the near-field abdominal layer. It is thus less susceptible to reverberation clutter from near-field structures because there is little energy at that frequency.
We have thus quantified with a validated model that reverberation clutter is a source of image degradation in fundamental imaging. To determine if it is the primary source of degradation, the reverberation clutter was subtracted from the original abdominal psFs to obtain the psFs shown in Fig. 7 . In contrast to the original abdominal psFs, the fundamental and harmonic-reverberation-corrected psFs have very similar characteristics in the three regions of interest. according to Table II, the average decibel levels in the isochronous area are within 0.8 dB of each other, in the trailing region they are within 0.9 dB, and in the preceding region both are below −80 dB. This indicates that, with the reverberation clutter subtracted, the fundamental and harmonic psFs have very similar clutter characteristics. Inversely, this demonstrates that the primary source of degradation in fundamental imaging compared with harmonic imaging is reverberation clutter.
D. Phase Aberration
The comparative importance of phase aberration was determined by simulating pulse propagation through an equivalent tissue model with uniform speed of sound but unchanged impedance characteristics. These psFs are shown in Fig. 8 . The isochronous region of the harmonic psF appears to be very similar to the equivalent isochronous region shown in Fig. 4 for the homogeneous psF. In fact, the average decibel level between the two is within 0.9 dB, indicating that phase aberration is the primary source of degradation within the isochronous area for the harmonic psF. an equivalent statement cannot be made for the fundamental psF because there is still a substantial amount of energy from the reverberation clutter observable in the isochronous area. compared with the original abdominal psFs, removing phase aberration improves the fundamental isochronous area by 4 dB and the harmonic isochronous volume by 11 dB. The harmonic psF is therefore more susceptible to phase aberration than the fundamental, which is consistent with the understanding that higher frequencies incur comparatively larger aberration. Furthermore, aberration degrades it to a larger extent than reverberation clutter. reverberating reflections, aberration, attenuation, and harmonic generation are frequency-dependent quantities and their relative importance examined here may not apply to other imaging frequencies or organs.
E. Validity of Convolution
a visual comparison of the lesion in the fundamental beamformed image in Fig. 9 to any of the convolution images in Fig. 10 indicates that the convolution images underestimate the amount of clutter in the lesion. as shown in Table V , as the size of the convolution kernel increases, the cnr decreases, but it quickly approaches a region of diminishing returns and the difference in cnr between the last two kernel sizes is 0.5%; however, these figures are overestimating the cnr by at least 34%. Fig. 11 shows that the contribution to the fundamental psF does not appreciably decrease with increasing radial distance. clutter in the psFs comes from low-amplitude regions that are distributed over a large area. To accurately represent the clutter in convolutions with scatterers, a very large area must be preserved, obviating many of the benefits of the application of convolution.
V. summary and conclusions a numerical method that solves the nonlinear attenuating wave equation in heterogeneous media was used to determine the primary sources of clutter in fundamental and harmonic imaging. The transmit-receive psFs were generated by the simulation of a 2.1-MHz diagnostic transducer through a measured representation of the human abdominal layer. For this particular imaging system, there are three distinct conclusions that can be drawn from the presented data.
First, the primary source of image degradation in the fundamental psF comes from reverberation in the nearfield abdominal structures. Measurements of the reverberation clutter alone indicate that it is 26 dB higher for the fundamental psF than the harmonic psF and that it is the single largest source of clutter. second, phase aberration is the largest source of clutter in the harmonic psF. When phase aberration is removed using a uniform velocity and unchanged impedance medium, the harmonic psF exhibits an 11 dB improvement in the isochronous area, which is significantly larger than the 0.9 dB improvement from reverberation clutter subtraction. Finally, clutter in the psFs occurs primarily from low-level contributions distributed over a large area, especially in the fundamental psF, in which plots of the radial distribution show no appreciable decrease with increasing distance.
acknowledgments
We would like to thank J. Baker-lepain for technical support with the computer cluster and T. d. Mast for providing the histological data for the human abdominal wall.
references
